Preclinical MR applications at 17.2 T can require field of views on the order of a few square centimeters. This is a challenging task as the proton Larmor frequency reaches 730 MHz. Most of the protocols at such frequencies are performed with surface transceiver coils for which the sensitive volume and the signal to noise ratio (SNR) is given by their size. Here we propose an approach based on metamaterials in order to enhance the sensitive volume of a commercial surface coil for small animal imaging at 17.2 T. We designed a passive resonator composed of four hybridized electric dipoles placed onto the floor of the MRI bed. Combining numerical and experimental results on a phantom and in vivo, we demonstrate a 20% increase of the sensitive volume in depth and 25% along the rostro-caudal axis while maintaining more than 85% of the local SNR right beneath the surface coil plane. Moreover, our solution gives the ability to double the average SNR in the region between 1.2 and 2 cm away from the loop using a single layer of 1 mm thick metallic wires easy to design and manufacture.
Introduction
As higher static magnetic field strength keeps on enhancing the signal to noise ratio (SNR) for magnetic resonance applications, it requires a proportional increase in the working frequency of the radio frequency (RF) coils. As an example, a 17.2 T preclinical scanner sets the proton Larmor frequency to 730 MHz. Typical preclinical MR applications can require field of views (FOVs) on the order of a few square centimeters. Homogeneous RF excitation (B 1 ) covering such FOVs is hard to obtain since RF coil dimensions become comparable with the electromagnetic wavelength. At 730 MHz, the classical volume coil design, like the birdcage coil [1] , becomes more sensitive to the nature, size and position of the load [2] . Due to the high operation frequency, smaller capacitance values are required to tune the coil. Consequently, the stray capacitances from the load impact strongly the coil tuning as well as the symmetry of the currents. Moreover, subjects with sections of a few centimeters presenting high relative permittivity already lead to B 1 inhomogeneities because of wavelength reduction. Consequently, surface transceiver coils are commonly used for magnetic resonance imaging (MRI) as well as magnetic resonance spectroscopy (MRS) at extreme B 0 magnitude. As opposed to the volume coils, surface coils can avoid B 1 inhomogeneities arising from dielectric effects or RF interference because the subject is excited unilaterally. However, given their geometry, the magnitude of the B 1 field produced along the main axis decays away from the loop plane as
with R the radius of the loop, I the current magnitude and d the distance from the loop plane [3] . Although this equation only describes the magnetostatic field which is inaccurate at such frequencies, it illustrates the trade-off between the local sensitivity as B 1 ð0Þ / R À1 and the in depth sensitivity as B 1 ðRÞ % B 1 ð0Þ=3. As consequence, a smaller loop would increase the magnetic field amplitude near the loop plane at the cost of a faster magnetic field decay in depth. The RF excitation strategy can be leveraged to solve this issue. Adiabatic pulses have been implemented to lower the effect of surface coil sensitivity decay [4, 5] . A variety of postprocessing methods are also used to compensate this effect [6] . Other approaches, focused on hardware developments, proposed novel surface coil designs in order to benefit from extra degrees of freedom. For example, a dual coaxial ring coil with opposite phase currents was designed to lower B 1 inhomogeneities [7] . Recent work proposed to use a remote patch antenna, similar to traveling wave imaging [8] , to image rat brains at 16.2 T [2] . The concept of passive RF shimming was also applied to the improvement of RF coil performances [9] . This strategy consists in placing inductively powered structures close to the loop and/ or the object to add secondary sources of B 1 field. Such passive structures can be designed from high relative permittivity dielectric pads exploiting the displacement current within low loss dielectric materials [10, 11] or passive conducting loops loaded by lumped elements [7, 12, 13] . High quality factor composite resonators have also been explored to enhance local sensitivity in ultra-high field MRI (9.4 T) [14, 15] . Metamaterials and metasurfaces have emerged as potential candidates to provide flexibility in the surface coil design. Examples of such structures are numerous including hybridized meta-atoms [16, 17] , fractal metasurfaces [18] , and capacitively loaded array of wires [19, 20] .
In this work, we aimed to develop a hybridized meta-atom (HMA) structure that could easily fit onto the MRI bed without loss of space for preclinical research equipment. The magnetic response of the HMA, used here for passive RF shimming of the surface coil, originates from the electromagnetic coupling occurring due to near field interactions between the four electric dipoles. This particular coupling effect (i.e. generation of magnetic response from electric dipoles) is named hybridization [21] in analogy with bonding and antibonding energies in molecular orbitals [22] . The inductive coupling of the HMA to a commercial surface coil would also guarantee some flexibility in regards to tuning and matching depending on the load and would reduce the design complexity. This specific aspect connects with recent work dedicated to the study of nonresonant coupled-wire structures at lower field strength [17, 16, 23] . Exploring this concept at extreme B 0 strength (2.5 times higher) represents a new challenge. As the resonator dimensions become comparable with the object under investigation, the loading from the object is stronger and a better filling factor is achieved than in previous realizations at 7 T. Moreover, the distances between the wires and the surface coil correspond to the radiative near field region due to the wavelength reduction in the load.
Here, we designed and built a hybridized meta-atom with four wires surrounding the bottom half of a 2.5 cm diameter cylinder corresponding to the volume of interest for rat brain imaging. The structure was studied numerically and experimentally on a 17.2 T preclinical MRI scanner and compared with a birdcage coil and the original surface coil performances. Finally, we explored the benefits of this structure for in vivo rat brain imaging.
Methods

Electromagnetic simulations
Electromagnetic simulations were performed in CST Microwave Studio 2017 (Computer Simulation Technology GmbH, Darmstadt, Germany). The CST time domain solver was used for all simulations with an excitation pulse of 35 ns duration (120 MHz bandwidth) centered on 730 MHz (proton Larmor frequency at 17.2 T). The phantom was designed as a 25 mm diameter cylinder of length 100 mm, with relative permittivity = 60 and conductivity r = 0.8 S/m. A surface coil was placed 1.5 mm above the top of the phantom and four square rods of 90 mm length, 1 mm side, were placed around the phantom at a distance of 3 mm as shown in Fig. 1 . All metallic parts were modelled as copper. L-type matching circuits (series and parallel capacitors) were used to tune and match the coil at 730 MHz with and without the HMA. B þ 1 fields, normalized to 1 W accepted power, were extracted at 730 MHz.
Coil assembling and characterization
Four circular brass rods of 1 mm diameter and 90 mm length were placed onto the small animal bed as in Fig. 2a and b. As we used shorter wire to avoid strong detuning of the loop coil, we also needed to place them away from the loop coil plane. The solution tried was to equally space four wires around a cylinder of 2.5 cmdiameter which represents the floor of the MRI bed used in experiments. There is a tradeoff between the coupling to the surface coil which induces the current in the wires and the spacing between the wires which determines the resulting magnetic field amplitude from such currents. Our strategy consisted on symmetrically placing the wires around the object to image in order to maximize the homogeneity of B þ 1 field inside and avoid the unbalancing of the surface coil. A phantom tube of 25 mm diameter and 50 mm long, containing NaCl solution (3.6 g/L) doped with CuSO 4 (1 g/L) was used to characterize the coil with and without the HMA. A commercial 3 cm diameter surface coil (Bruker BioSpin, Ettlingen, Germany) was placed on top of the phantom. The coil tuning and matching were optimized in each case to 730 MHz. On-bench measurements of S 11 parameters were performed over a 100 MHz bandwidth with a vector network analyser (Rohde & Schwarz GmbH & Co KG, Munich, Germany).
MRI experiments on phantom
MRI experiments were performed on a horizontal bore animal scanner operating at 17.2 T (Bruker BioSpin, Ettlingen, Germany) equipped with a triaxial gradient system with maximum strength of 1 T/m. For every tested configuration, a FLASH localizer sequence was used after wobble checking, iterative shimming, frequency adjustment and power calibration. A transmit/receive 4.5 cm inner diameter single channel birdcage coil (Rapid Biomedical GmbH, Rimpar, Germany) was used for phantom measurements comparison.
B þ 1 measurements were obtained with an Actual Flip Angle Imaging (AFI) sequence [24] [25] [26] with TE = 2.012 ms, TR 1 = 20 ms, TR 2 = 100 ms, FA = 60°. Three orientations were acquired for each configuration with a matrix of 128 Â 128 Â 8, FOV = 6 Â 6 cm 2 and a total scan time of 2 min 2 s. The axial slice package spanned over 6 cm while sagittal and coronal slice packages spanned over 3 cm.
SNR maps were computed from 2D Multi-slice-multi-echo sequence (SE) with an effective echo time of 7 ms. Sagittal oriented images were obtained with a matrix of 256 Â 200 Â 9, FOV = 6.4 Â 5 cm 2 , slice thickness = 2 mm and inter-slice gap = 0.3 mm, using a TR = 1500 ms which resulted in total scan time of 5 min. The SNR was computed by dividing the magnitude of the signal to the standard deviation of the noise amplitude taken in a region of interest (ROI) located outside of the phantom [27] . Rician noise correction was not applied to the noise value [28] as we studied relative SNR improvement due to the presence of the HMA. Extra care was taken to avoid artifacts across the noise ROI.
In vivo MRI experiments
In vivo measurements were performed on one rat (Spra-gue Dawley male, Janvier Labs, Saint Berthevin, France). The animal was anesthetized with 3% isoflurane in an induction chamber and held under anesthesia using 1.5-1.7% isoflurane in a stream of medical air administered through a nose cone. For imaging the rat was placed in prone position head first with the coil placed on top of the brain region. During the MRI exam the respiration rate and body temperature were monitored. The body temperature was maintained between 36.5 and 37°C using heated water (Grant TC120, Grant Instruments, Shepreth, UK).
All animal procedures used in the present study were approved by the Comité d'Ethique en Expérimentation Animale, Commissariat l'Energie Atomique et aux Energies Alternatives, Direction des Sciences du Vivant (Fontenay aux Roses, France) and by the Ministre de l'Education Nationale de l'Enseignement Supérieur de la Recherche (France) under reference APAFIS#2393201510221144753 9v2 and were conducted in strict accordance with the recommendations and guidelines of the European Union (Directive 2010/63/EU) and the French National Committee (Décret 2013-118).
Sagittal images were obtained with a 2D RARE (rapid acquisition with relaxation enhancement) sequence with a rare 
Results
Electromagnetic simulation results for the 3 cm diameter loop with and without the HMA are shown in Fig. 1 . For 90 mm long wires, we observe a relatively small phase offset (20°) between the HMA rods and the loop currents which means that the current distribution within the HMA respects the symmetry imposed by the loop geometry. This observation is supported by the B þ 1 amplitude maps presented in Fig. 1c and d where we show that the B þ 1 field distribution is not strongly distorted by the presence of the HMA. Nonetheless, one can appreciate an increase in terms of B þ 1 field in depth. This is also confirmed quantitatively by the field profile shown in Fig. 1g . The B þ 1 efficiency (normalized by the square root of input power) obtained with the HMA is better than the loop alone for depths larger than 1.5 cm from the top of the phantom. Moreover, we simulated the B þ 1 efficiencies for loops of diameters 2.5 cm and 4 cm (without HMAs) and results show that the HMA together with a 3 cm diameter loop yields the best performance in the lower part of the phantom. Finally, we used numerical simulations to demonstrate the effect of the mutual interaction or hybridization between the wires. We investigated the different contributions of the currents induced on the wires. These contributions can be separated in two paths, the coupling to the surface coil and the coupling between the wires. Simulating the coupling of the surface coil with each single wire allowed us to separate these two contributions from the original simulation. As a result, it was possible to obtain the B þ 1 efficiency distribution while artificially removing the interaction between the wires shown in Fig. 1g and h. We observed that the hybridization mechanism helped to induce stronger currents in the wires such that higher B þ 1 efficiency can be found. As shown in Fig. 1h , the strongest enhancement at 2.5 cm depth goes from 12% to 25% due to coupling between the wires. It was naturally found in the deepest part of the phantom where the contribution from the surface coil is the lowest due to the decay of magnetic field. More information regarding the currents magnitude and the wires hybridization can be found in supplementary materials section. Fig. 2a presents a photograph of the commercial coil used and of the assembled HMA. Fig. 2b presents the S 11 parameter measured with and without the HMA (phantom load in each case). These curves are obtained after optimizing the tuning and matching of the resonance to 730 MHz with the adjustable lumped elements provided with the commercial surface coil. We observe that the presence of the HMA helps reach a better matching of the surface coil. The quality factor of the loop loaded by the phantom is 66 and reaches 88 (+33%) when the HMA is added.
Measured B þ 1 amplitudes in sagittal and axial slices are presented in Fig. 3 for the birdcage coil (a), the 3 cm diameter surface coil alone (b) and in the presence of the HMA (c). The measurements were obtained after a power calibration procedure. Consequently, the three configurations tested show a similar maximum amplitude of about 15 lT. As expected, the birdcage coil provides a better B þ 1 homogeneity than both surface coil configurations. However, the reduction of the wavelength can already be observed across the 2.5 cm diameter phantom. Meanwhile, the presence of the HMA is beneficial for the performance of the surface coil. We observe higher values of the B þ 1 amplitude in depth as expected from the simulation results. The sagittal slices also demonstrate some gain along the long axis of the phantom.
The reference power values obtained were 534 mW, 88 mW and 89 mW for the birdcage coil, the surface coil alone and with the HMA, respectively. The transmission efficiency of the coil can be characterized by the B þ 1 profile as function of depth normalized by the square-root of the reference power which is presented in Fig. 4a . We also present these results in terms of relative improvement with respect to the surface coil alone in Fig. 4b . These results confirm the benefits of adding the HMA to the surface coil leading to 30% higher efficiency between 2 and 2.5 cm away from the loop and a better homogeneity as a smaller difference is observed between the maximum and minimum efficiency values.
We present the in vitro SNR results in Fig. 5 . The noise value was obtained by calculating the standard deviation in a box of 20 Â 20 points in the top left corner of the entire slice package for each configuration. In arbitrary units, these values are 4.7 Â 10 À6 , 2.5 Â 10 À6 and 2.2 Â 10 À6 for the birdcage coil, the surface coil alone and with the HMA, respectively. SNR maps are obtained by dividing the signal maps with the corresponding noise value. Fig. 5c clearly shows the enhancement of the sensitive volume obtained once the HMA is added. The in-depth profile (Fig. 5d ) demonstrates a slower decay of the SNR across the phantom. We observe an increase of the sensitive volume with a full width at half maximum (FWHM) of 1.5 cm (+25%) instead of 1.2 cm for the surface coil alone while the maximum value close to the loop position remains as high as 85 % of the original value in absence of HMA. Moreover, the lateral profile, presented in Fig. 5e , shows an increase of the width of the sensitive volume (FWHM) of 20%.
Finally, we compare the signal maps obtained in vivo for the surface coil alone ( Fig. 6c ) and in presence of the HMA (Fig. 6b  and d ). We acknowledge a small shift in the positioning of the loop which is set 5 mm toward the left of the image in Fig. 6b compared to Fig. 6a . It is to be noted that the noise values were almost identical for the two configurations in the in vivo scans (less than 1% difference). Therefore, it is meaningful to directly compare the signals obtained from each configuration. As expected from the phantom study, the in vivo images demonstrate an enlargement of the sensitive volume of the surface coil in depth and along the rostro-caudal direction while observing a slight reduction of signal coming from the top of the brain area which is the region in contact with the loop. From the axial images shown in Fig. 6c and d , we observe a twofold increase of the average signal in the ROI below the brain area. In vivo scans with the birdcage coil could not be performed as the bed and the animal equipment would not fit within the inner diameter.
Discussion and conclusion
One important aspect for the HMA design is the length of the wires used. Numerical calculations show that the HMA presents its first self-resonance frequency at 1040 MHz as shown in Fig. 1c for 90 mm long wires. In that case, the structure (surface coil & HMA) is tuned and matched to the Larmor frequency (730 MHz) by the lumped capacitors at the surface coil. One could choose a longer wire length to decrease the HMA self-resonance frequency. This length should be close to 200 mm for a frequency of 730 MHz, which corresponds to the half-wavelength resonance condition [16, 17] . Due to the presence of the dielectric load close to the wires, the length required is 160 mm in order to set the first self-resonance of the HMA to be at the Larmor frequency in numerical simulation. Such structure may provide a more homogeneous B þ 1 distribution (Fig. 1c) as the current magnitude in the wires will increase but it would require strong changes in the matching network topology of the loop coil used for inductive coupling. Such changes preclude the use of the commercial surface coil available and thus, did not fit our initial requirements. The modification of the matching network topology has already been observed and discussed with metallic resonators [23] and other passive shimming elements like high permittivity dielectric pads [29] . The solution is to set the resonance of the passive element to a higher frequency in order to mitigate the detuning of the active part of the coil. We showed that by reducing the wire length to 90 mm, we were able to modify the B þ 1 distribution of the surface coil without a strong impact on the matching circuit values. Numerical results showed that the presence of the HMA required a reduction of 4% of the series capacitance and of 40% for the parallel one in the surface coil matching circuit. As shown in Fig. 2b , the tuning range of the commercial coil was able to comply with such changes. Additional simulation results regarding the matching of the coil can be found in supplementary materials section. Another interesting point to discuss from the simulation results is that the HMA solution performs better than a wider diameter loop. Fig. 1h clearly shows that for a depth of 2.5 cm the HMA approach as implemented here performs better than a 4 cm diameter loop while maintaining higher B þ 1 efficiency in the vicinity of the loop. Additional numerical results regarding the B þ 1 contributions of each pairs of wires are presented in Fig. S2 of the supplementary materials.
In order to explore this concept experimentally an HMA structure was built and compared to a birdcage coil and to the 3 cm diameter surface coil alone. Fig. 3 shows that the measured B þ 1 amplitude is in qualitative agreement with the numerical results. Comparing the relative improvement obtained numerically from Fig. 1e and experimentally in Fig. 4b , we observe that the depth at which the HMA improvement starts is shallower in experiments. Multiple factors are influencing these results. We approximated the distance between the metallic loop of the surface coil and the phantom liquid. The permittivity and conductivity of the phantom was not measured. Finally, we did not take into account ohmic or radiative losses in the loop coil besides the finite conductivity of copper. Although we cannot directly compare these results to the birdcage B þ 1 distribution, it is useful to have a perspective on the transmission efficiency and homogeneity that can be achieved for such an extreme B 0 field with a standard volume coil.
The phantom experiments presented in Fig. 5 confirm the increase of in depth penetration as well as the extension of the sensitive volume along the long axis of the phantom. Unlike in Fig. 4a , we observe an SNR plateau between 0-0.5 cm for the surface coil and 0-0.7 cm in presence of the HMA. This effect comes for the power calibration method. We calibrated the RF power in a 1 mm thick coronal slab in the proximity of the coil which leads to signal saturation where the highest B þ 1 magnitude is achieved near the center of the coil. Meanwhile, the SNR profiles presented in Fig. 5d show a steeper decay than observed in Fig. 4a for the B þ 1 efficiency. This effect is expected as the surface coil is used for transmission and reception. In the low flip angle approximation, this results in an SNR proportional to the square of the B þ 1 magnitude as receive and transmit sensitivities are similar. Another interesting observation is the reduction of the noise standard deviation after the addition of the HMA to the surface coil. This is partially explained by the better quality factor achieved once the HMA was installed (Fig. 2b) . It is important to note that this observation depends on the loading of the surface coil. Indeed, as opposed to the phantom study, the noise values observed in vivo with the same method were almost identical with and without the HMA.
To conclude, we showed that the HMA approach is perfectly compatible with standard equipment for preclinical research protocols. The extension of the sensitive volume of the surface coil allows to image a large portion of the spinal cord while maintaining 85% of the initial SNR in the brain ROI. We believe that such structures bring a new alternative to the conventional volume coil designs at ultra-high field. The concept of combining HMAs and commercial surface coils may help in the design of future versatile RF coils for preclinical MR applications.
